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Abstract: Fiber-optic probes are commonly used in biomedical optical spectroscopy platforms
for light delivery and collection. At the same time, it was reported that the inconsistent probe-
sample contact could induce significant distortions in measured optical signals, which consequently
cause large analysis errors. To address this challenge, non-contact optical spectroscopy has
been explored for tissue characterizations. However, existing non-contact optical spectroscopy
platforms primarily focused on diffuse reflectance measurements and may still use a fiber probe
in which the probe was imaged onto the tissue surface using a lens, which serves as a non-contact
probe for the measurements. Here, we report a fiber-probe-free, dark-field-based, non-contact
optical spectroscopy for both diffuse reflectance and fluorescence measurements on turbid
medium and tissues. To optimize the system design, we developed a novel Monte Carlo method
to simulate such a non-contact setup for both diffuse reflectance and fluorescence measurements
on murine subcutaneous tissue models with a spherical tumor-like target. We performed Monte
Carlo simulations to identify the most tumor-sensitive configurations, from which we found
that both the depth of the light focal point in tissue and the lens numerical aperture would
dramatically affect the system’s tumor detection sensitivity. We then conducted tissue-mimicking
phantom studies to solidify these findings. Our reported Monte Carlo technique can be a useful
computational tool for designing non-contact optical spectroscopy systems. Our non-contact
optical setup and experimental findings will potentially offer a new approach for sensitive optical
monitoring of tumor physiology in biological models using a non-contact optical spectroscopy
platform to advance cancer research.

© 2023 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

Optical spectroscopy has been explored extensively for various biomedical applications due to
its non-invasiveness and capability to provide quantitative functional information on tissues in
near real-time [1–3]. Diffuse reflectance spectroscopy has been extensively explored by us to
measure tissue oxygenation [4,5], and it has been well-established by others as well to report
hypoxia thereby predicting tumor therapeutic responses [2]. Autofluorescence spectroscopy has
been explored by others [6] and us [7] to report the reduction-oxidation (redox) state of tissue
by looking at the ratio of the two endogenous fluorophores (Flavin adenine dinucleotide (FAD),
and reduced nicotine adenine dinucleotide (NADH)), and then provide an indirect measure of
the balance between glycolysis and oxidative phosphorylation. To quantify tissue glycolysis and
mitochondrial function directly and explicitly in vivo, we exploited several metabolic probes and
integrated them with optical spectroscopy to report glucose uptake and mitochondrial function
along with vascular parameters [4,5]. Our integration of diffuse reflectance and fluorescence
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spectroscopy with metabolic probes into one single device will provide rapid quantification of
several key functional endpoints on the same tissue site at one time, which may potentially allow
one to perform multi-dimensional metabolic analysis [8,9] on tumors that will provide more
insights into cancer biology.

In most existing optical spectroscopy setups, a fiber probe consisting of single or multiple
illumination and collection fibers was commonly used for light delivery and collection [10].
During the actual measurements, the fiber probe was usually placed above the tissue sample
with gentle contact to minimize the specular reflectance. However, it has been reported that
the inconsistent probe-sample contact could induce significant distortions in measured optical
signals [11–13], which consequently would cause large data analysis errors. Moreover, it may
be practically challenging to use a fiber probe for measurements in some cases such as oral
cancer investigations where potential infection could be a concern or very early-stage tumor
studies where the tumor is tiny to measure. To address these challenges, several groups reported
non-contact optical spectroscopy setups for tissue characterizations. Adree et al. reported a
lens-based spectroscopy setup to perform spatially resolved diffuse reflectance measurements on
tissue samples [14]. In their platform, both illumination fiber and collection fiber were imaged
onto the sample surface via a spherical mirror or achromatic lens to avoid fiber-sample contact.
Bish et al. proposed a lens-based setup for non-contact diffuse reflectance measurements, while
a fiber probe was still used and it was imaged onto the sample surface via an imaging lens
[15]. Mazurenka et al. [16] reported a non-contact setup for time-resolved diffuse reflectance
measurements in which laser scanning was used to achieve optical measurements without using a
fiber probe. Non-contact fluorescence spectroscopy techniques have also been reported to achieve
sensitive tissue characterizations. Mycek group reported a Monte Carlo method to simulate
non-contact fluorescence from layered samples and validated their Monte Carlo technique using
tissue-mimicking phantoms [17]. We reported a non-contact fluorescence device to achieve
depth-sensitive imaging on layered phantoms [18].

As discussed above, most of the existing non-contact spectroscopy platforms primarily focused
on diffuse reflectance measurements and may still use a fiber probe in which the probe was
imaged onto the tissue surface using an imaging lens. Here we report a fiber-probe-free, dark-field
based non-contact optical spectroscopy approach for both diffuse reflectance and fluorescence
measurements on tissue samples. To optimize the system design, we developed a novel Monte
Carlo technique to simulate such a non-contact setup for both diffuse reflectance and fluorescence
measurements on murine subcutaneous tissue models with a spherical tumor-like target. We then
performed Monte Carlo simulations on two unique subcutaneous tissue models including the
small tumor models (with a tumor diameter of 6 mm at a depth of 1 mm) and the early-stage tumor
models (with a tumor diameter of 3 mm at a depth of 0.2 mm) to identify the most tumor-sensitive
configurations for most commonly used small tumor models. Our numerical studies showed that
both the depth of the light focal point in tissue and the lens numerical aperture would dramatically
affect the system’s tumor detection sensitivity. In small tumor models, a larger depth of focal
point always yielded an increased tumor detection sensitivity for both diffuse reflectance and
fluorescence measurements but with a sacrifice of signal drops. For early-stage tumor models, a
larger depth of light focal point yielded increased tumor detection sensitivity only for diffuse
reflectance measurements but not for fluorescence measurements. In contrast, an optimal depth
of light focal point exists for fluorescence measurements to provide the best tumor detection
sensitivity for early-stage tumor models. For the two different tumor models, a smaller focal
length of the lens (which has a larger numerical aperture) next to the sample always yielded better
tumor detection sensitivity. We also found that the dark-filed technique can help fluorescence
spectroscopy achieve increased tumor detection sensitivity compared to traditional white-field
fluorescence spectroscopy. To solidify these findings, we developed a dark-field based non-contact
optical spectroscopy and then conducted a series of tissue-mimicking phantom experiments.
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Our phantom studies confirmed the key findings achieved from our numerical simulations. Our
reported Monte Carlo technique can be a useful computational toolbox for designing non-contact
optical spectroscopy systems. Our reported optical device and the corresponding findings will
potentially offer a new approach for sensitive optical monitoring of tumor physiology in biological
models using a non-contact optical spectroscopy platform to advance cancer research.

2. Materials and methods

2.1. Monte Carlo method for dark-field non-contact optical measurements on layered
tissue models with a spherical tumor-like target

The schematics of our proposed lens-based non-contact setups for diffuse reflectance and
fluorescence measurements are shown in Fig. 1(A) and (B), respectively. As shown in Fig. 1(A),
a stopper and an iris were used to provide dark-field illumination and collection for diffuse
reflectance measurements in which the specular reflectance can be effectively removed in actual
measurements [19]. Figure 1(B) shows the schematics of the white-field non-contact fluorescence
spectroscopy, while it should be noted that the dark-field technique can also be applied for
fluorescence measurements. For Monte Carlo simulation studies, we assume that there was a
point light source in Fig. 1(A) and (B), and this point light source will provide a collimated ring
beam with the use of the condenser lens and the stopper. On the collection side, we assume the
lens next to the collection fiber will be identical to the lens that was used next to the tissue sample
so we can simplify the light collection procedure.

Fig. 1. (A) Schematics of dark-field based non-contact diffuse reflectance spectroscopy; (B)
Schematics of lens-based non-contact fluorescence spectroscopy; (C) Monte Carlo schematic
of dark-field illumination and collection.

Our formerly reported Monte Carlo method for the simulation of lens-based diffuse reflectance
measurements on layered tissue models [20] was further developed to (1) simulate dark-field
based fluorescence measurements in addition to diffuse reflectance measurements in the turbid
medium; (2) simulate non-contact measurements on layered tissue models with a buried spherical
tumor-like target. Figure 1(C) shows the Monte Carlo schematics of the potential focused
illumination beam and lens-based light collection, and the major new procedures added to our
formerly reported Monte Carlo method [20] are summarized below.

(1) Dark-field based illumination: The simulated illumination beam can be either a white-field
full beam focused or a dark-field ring beam focused. Given the white-field focused beam
illumination has been well described by others before [21], we only introduce the dark-field



Research Article Vol. 14, No. 10 / 1 Oct 2023 / Biomedical Optics Express 5421

based illumination here, which can be defined by the light beam diameter (R), the ring
thickness (t), lens focal length (f ), and the focal depth of light beam in tissue (zf ) as
illustrated in Fig. 1(C) top. A Cartesian coordinate system was set up in the simulation to
facilitate tracking the positions of photons. The initial light beam will be focused to form a
ring on the tissue surface using the imaging lens. The illumination beam radius on the
tissue surface can be calculated based on the relation that the ratio of the ring radius on the
tissue surface to the ring radius on the lens (R) was identical to the ratio of the zf to f, and
the same method will be used to calculate the ring beam thickness on the tissue surface.
The irradiance was assumed to be uniform on the tissue surface of the turbid medium and
the radial position (r) of a photon packet will be randomly sampled by

r =
√︂
[(ρ_ring + t_new)2 − ρ_ring2] ∗ ε + ρ_ring2 (1)

where ρ_ring was the ring radius on the tissue surface, t_new was the ring thickness on the
tissue surface, and ε was a random number uniformly distributed between 0 and 1. Once
the radial position (r) was sampled, the Cartesian coordinates of the incident point were
then

x = r ∗ cos(θ), (2)

y = r ∗ sin(θ), (3)

z = 0 (4)

where the azimuthal angle θ = 2π ∗ εθ , and the εθ was a random number uniformly
distributed between 0 and 1. The directional cosines were then set to

ux = −x/
√︁

r2 + z2 (5)

uy = −y/
√︁

r2 + z2 (6)

uz = zf /
√︁

r2 + z2 (7)

If the ambient medium and the tissue have different refractive index values, the directional
cosines will be changed based on Snell’s law, and the specular reflection was taken into
account based on the Fresnel law when the photon entered the tissue. Once the photon was
launched into the tissue model, the treatment of photon tracing for both diffuse reflectance
and fluorescence was exactly as that done as reported previously [21–23].

(2) Dark-field based collection: A ray-tracing technique was used to simplify the detection of
light from lenses and then the detection fiber [20] with the additional consideration of an
iris, which is commonly used in dark-field techniques to remove the specular reflectance.
To be brief, finding whether a photon is detected by a detection fiber is equivalent to
identifying whether the photon can be traced back to its image inside the tissue (fiber′) due
to the reciprocity of ray tracing as illustrated in Fig. 1(C) bottom. Once a photon exits
the tissue surface, two steps will be performed to determine whether this photon can be
detected by the detector. The first step is to determine whether this photon can pass through
the iris, which can be done by moving the photon from the exit position to the plane of the
iris along its exit direction. If the photon can pass through the iris, then the photon will
continue to go through the second step, otherwise, the photon will not be detected and the
detection procedure for this photon will be terminated. The second step is to perform ray
retracing to determine if this photon could be detected by the detection fiber. This can
be done by moving the photon from its exit position toward the plan of the imaging fiber
along the opposite direction of its exit direction. Then both the fiber size and acceptance
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angle (calculated from its numerical aperture value) will play a role in determining if the
photon can be detected by the fiber. During the second step, the photon will be detected
only if its exiting angle is smaller than the fiber acceptance angle and the photon can hit
the fiber area, otherwise, the photon will not be detected. If a photon is detected by the
fiber, all related trajectory information will be recorded for future data analysis.

(3) Non-contact measurements on layered tissue models with a finite tumor target: To more
realistically mimic murine subcutaneous tumor models, a finite tumor model (Fig. 2(A))
consisting of a normal semi-infinite skin layer with a buried tumor-like spherical target
was used [22]. The spherical target with a specified radius and position was used to mimic
a solid tumor in murine subcutaneous tissues. The Monte Carlo code for simulating such
tumor models was reported by us previously [22,24], but only for fiber-optics based diffuse
reflectance and fluorescence measurement. Here, we have implemented this tumor model
into our Monte Carlo code for dark-filed (and/or full beam) based non-contact diffuse
reflectance and fluorescence measurements. To be brief, the spherical tumor’s radius, depth
location, and optical properties can be defined as needed. During each single photon move
event, a tumor boundary detection procedure will be performed to determine if the photon
is traveling to, traveling inside, or traveling out from the spherical tumor target. Then the
photon weight, new step size, and new direction will be updated using the corresponding
optical properties from tumor tissue or non-tumor tissue depending on its location. The
details and validation of the Monte Carlo code for simulating such tumor models were
published by us previously [22,24], though for fiber-probe based measurements only. The
beam focal depth in the tumor models can be adjusted either via changing the lens-sample
distance (d, Fig. 2(B)) or using a different lens with a different focal length for a fixed
lens-sample distance (f1, f2, Fig. 2(C)).

(4) Simulation of diffuse reflectance and fluorescence using non-contact setups on layered
tissue models with a finite tumor target: The simulation of lens-based diffuse reflectance
measurements on layered tissue models has been well described by us before [20]. To be
brief, the fluence rate distribution within the tissue volume and the updated photon weight
are computed using the standard Monte Carlo method. Both the fluence rate and photon
weight are governed by tissue absorption, scattering, refractive index, and the anisotropy
factor. The final photon weight of detected photons will be used to calculate the diffuse
reflectance. In contrast, the process for fluorescence simulation typically involves three
primary steps. In the first step, the fluence rate distribution within the tissue volume is
computed using the standard Monte Carlo method same as that done in the simulation of
diffuse reflectance. In the second step, the spatial fluorescence distribution is determined
by multiplying the fluence rate distribution by the intrinsic fluorescence profile. This
intrinsic fluorescence profile is defined as the product of the fluorophore’s absorption
coefficient at the excitation wavelength and its quantum yield at the emission wavelength.
Finally, the detected fluorescence is calculated as the convolution of the fluorescence source
distribution throughout the tissue with Green’s function. The intensity of the simulated
local fluorescence is directly linked to the portion of absorbed energy, which is governed
by the quantum yield of the fluorophore. Consequently, the distribution of the fluorescence
source within the medium is primarily influenced by the distribution of the fluence rate
[23,25]. Several Monte Carlo models were published for the simulation of fluorescence
[23–28], while the Monte Carlo code for the simulation of fluorescence in this manuscript
was modified from [23] which was originally based on [25]. Specifically, McShane et al.
proposed the original concept of the fluorescence simulation [25], while Liu et al. further
developed this fluorescence model with the use of fiber optics probes and validated the
fluorescence model with homogenous phantoms [23]. Relying on these foundations, we
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have further implemented the homogenous tissue model with a tumor-like target model
to the existing fluorescence model but still used fiber-optics probes [22]. Relying on this
most recent version, we further implemented the lens based dark-field technique to the
existing fluorescence model [22] and then used the integrated approach to investigate the
tumor-sensitive configurations for both diffuse reflectance and fluorescence measurements
on subcutaneous tumor models. It should be noted that Monte Carlo techniques have been
also developed to simulate fluorescence with more complicated conditions to facilitate
different study requirements. For example, Vishwanath et al. reported a novel Monte Carlo
model to simulate fluorescence lifetime in addition to fluorescence intensity and validated
their method with phantom studies [27]. Churmakov et al. developed a novel Monte
Carlo fluorescence model that takes into account the spatial distribution of fluorophores,
the variation of concentrations and quantum yield in tissue models [28]. Swartling et
al. reported novel Monte Carlo methods to accelerate the fluorescence simulation from
layered tissue models [29].

Fig. 2. (A) Finite tumor model to simulate small murine subcutaneous tumors; (B) Adjust
focus depth via moving the sample towards or away lens; (C) Adjust optical focus depth via
using different lenses with different focal lengths.

2.2. Tissue optical properties for both diffuse reflectance and fluorescence simulations

Two subcutaneous tissue models including the small tumor models (with a tumor diameter of
6 mm at a depth of 1 mm) and the very early-stage tumor models (with a tumor diameter of 3
mm at a depth of 0.2 mm) were used in our simulations to identify the most tumor-sensitive
configurations for the non-contact spectroscopy (Fig. 1). The tissue optical properties used in
our simulations were taken from previously published reports [5,30,31]. The detailed values
of tissue optical properties are summarized in Table 1 [22]. Generally, tumor tissue has higher
absorption, but lower reduced scattering coefficients compared to normal tissues. The wavelength
of 550 nm was used for diffuse reflectance simulations as it is within the typical light band
for oxygenation extraction and it is the excitation peak of our interested metabolic probe, i.e.,
Tetramethylrhodamine, ethyl ester (TMRE), to report mitochondrial function. For fluorescence
simulations, the 550 nm light was used for excitation while the 585 nm light (TMRE emission
peak) was used for emission. The quantum yields for tumor and normal tissue were set to be 0.5
and 0.3 respectively according to our previous studies [4,22].

Table 1. Optical properties of normal tissue and tumor a

Optical Normal tissue Tumor

properties µa (cm−1) µs (cm−1) g n µa (cm−1) µs (cm−1) g n

550 nm 2.05 133.1 0.9 1.4 3.19 87.6 0.9 1.4

585 nm 1.36 122.2 0.9 1.4 2. 07 80.4 0.9 1.4

aFrom Biomed. Opt. Express 9, 3399-3412 (2018)
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2.3. Simulation parameters for the lens and optical measurement configurations

To identify the tumor-sensitive configurations of the non-contact spectroscopy for diffuse
reflectance and fluorescence measurements, Monte Carlo simulations were performed on the
finite tumor models described in Fig. 2. To ensure the fluorescence excitation light was always
delivered to the central mass of the tumor, the center of the illumination lens always overlapped
with the vertical middle line of a spherical tumor as shown in Fig. 2(B)-(C). The refractive index
of the ambient medium between the lens and the tissue sample was set to 1.0 which represented
the refractive index of air. The numerical aperture value of the detection fiber was set to 0.22 and
the diameter of the detection fiber was set to 0.4 mm. The lens diameter was set to 25.4 mm,
which was the typical size for commercially available lenses. The other parameters investigated
in the simulations for the dark-field ring beam or white-field full beam, depth of light beam focus,
and lens focal lengths are listed in Table 2. Ten million photons were used in each independent
simulation, which was repeated four times to estimate the means and standard deviations for the
construction of error bars shown in the results section.

Table 2. Simulated configurations for the non-contact spectroscopya

Parameters Values under investigation

Depth of focal point in tissue (mm) 0.2, 0.5, 1.5, 3.0, 4.0, 5.0

Lens focal length (mm) 20, 30, 40, 50

Ring beam diameter (mm) 8.0, 6.0

Stopper and iris diameter (mm) 6.0, 4.0

a The lens focal depth values were selected based on the commonly seen lens, while the
depth of the focal point in tissue was selected based on the tumor depth in two different
tumor models. For dark-field simulations, the stopper and iris diameter were 6.0 mm when
the ring beam diameter was 8.0 mm, while the stopper and iris diameter were 4.0 mm when
the ring beam diameter was 6.0 mm. For full beam simulations, neither a stopper nor an iris
was used.

2.4. Experimental setup and tissue-mimicking phantoms

To solidify the key findings obtained from our simulations, we also developed a compact dark
field-based non-contact optical spectroscopy using the schematic shown in Fig. 3(A). A Solis
white LED (SOLIS-3C, Thorlabs) and a compact visible spectrometer (FLAME-T-VIS-NIR,
Ocean Optics) were used to build the spectroscopy platform. In the illumination end, a fiber with
a diameter of 1.5 mm (M93L01, Thorlabs) and one condenser lens with a focal length of 25.4
mm (LB1761, Thorlabs) were used to generate an illumination beam with a diameter of around
8 mm. A 3D printed stop with a diameter of 6 mm was used in front of the beam splitter to
generate ring illumination beams as needed, while an iris (4 mm in diameter) was used next to
the beam splitter for collection during diffuse reflectance measurements but not for fluorescence
measurements. At the collection end, a convex lens with a focal length of 25.4 mm (LB1761,
Thorlabs) and a round to linear fiber (BFL200LS02, Thorlabs) was used to collect as much signal
as possible. A bandpass (540 nm) filter and a long pass filter (580 nm cutoff) were installed in
the filter wheels to facilitate fluorescence measurements, while no filter was used for diffuse
reflectance measurements. The optical sample stage would allow changing the light focal depth
by adjusting the distance between the sample and the imaging lens for a given lens. The imaging
lens between the sample stage and the beam splitter can also be easily replaced if a lens with a
different focal length is used. In our system design, we wanted to minimize the distance between
the imaging lens and the stop (which was mounted on the right side of the beam splitter) to
ensure: 1) the ring beam that enters the imaging lens will be the same for different imaging lens
with a different focal length; 2) minimize the system size for future on-site experiments; 3) reduce
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the system complexity for actual experiments. The potential impact of this choice is that the focal
spot size in the tissue might be different from one imaging lens to another, which may potentially
affect the performance of the system for tumor measurements. Figure 3(B) shows the actual
compact dark-field based non-contact optical spectroscopy with optical components arrangement
information for both diffuse reflectance and fluorescence measurements on tissue-mimicking
phantoms.

Fig. 3. (A) Dark-field based non-contact optical spectroscopy schematic; (B) Compact
dark-field based non-contact optical spectroscopy for tissue-mimicking phantom studies and
liquid tissue-mimicking phantom.

To test the system for tumor-sensitive diffuse reflectance measurements on turbid medium
with a tumor-like target, liquid phantoms with a buried cylindrical tumor-like target (Fig. 3(B)
top left) were created using India ink and Intralipid (Sigma-Aldrich). The reduced scattering
coefficient of the phantoms was 10 cm−1 on average for 400 nm -600 nm, while the absorption
coefficient of the liquid phantoms was set to zero. One glass tube (∼1 mm inner diameter
with a wall thickness of 0.3 mm) was buried in the liquid phantoms with a depth of 1.0 mm to
mimic the tumor-like target. India ink liquid was injected into the glass tube to mimic the high
absorption of tumors. It should be noted that this simple phantom with a tumor-like target here
may not accurately represent the genuine tumor absorption characteristics but will be sufficient
to allow us to validate the key simulation findings for a proof-of-concept study. To further
test the system for diffuse reflectance measurements on tissue-like samples, both homogeneous
tissue-mimicking phantoms and volunteer finger tissues were measured. The optical properties
of the phantoms were designed based on the formerly reported optical properties of mice skin
[32]. Specifically, the homogeneous phantoms had the following average absorption coefficients
and reduced scattering coefficients (400-600 nm): µa= [1.5, 3.0, 4.5] cm−1 and µ′

s= [5,10] cm−1.
Dehydrated human hemoglobin powder (H0267, Sigma-Aldrich) was used as a major absorber in
the phantoms (concentration varies from 0.92 mg/ml to 2.76 mg/ml to have the above absorption
coefficients). 20% intralipid (Sigma-Aldrich) was used to mimic tissue scattering (concentration
varies from 0.312% to 0.624%). Phosphate Buffered Saline (PBS) 1x (Fisher Scientific) was
used to suspend the intralipid and hemoglobin for the liquid phantoms. To test the system for
tumor-sensitive fluorescence measurements, similar phantoms with a buried tumor-like target
were created. The absorption and scattering properties of the phantoms were the same as those
used for diffuse reflectance measurements but with an addition of fluorophore. TMRE solutions
were injected into the glass tube to mimic the increased TMRE uptake in tumors compared
to normal tissue. The concentration ratio of tumor to the non-tumor regions was set to 5/3
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(500 nM /300 nM) to highlight their different TMRE uptakes. For either diffuse reflectance
or fluorescence tumor-like target contrasts or intensities change investigations, all the optical
measurement configurations including the integration time, depth of light beam focus, lens focal
length, and others were kept exactly the same for both finite tumor phantom measurements and
non-tumor control phantom measurements.

2.5. Data analysis

The Monte Carlo simulated diffuse reflectance and fluorescence intensities were used to represent
the collected optical signals for data analysis. The tumor contrasts for both diffuse reflectance
and fluorescence introduced by us previously [22] were used to evaluate the optical detection
sensitivity of the tumors. Specifically, the tumor contrast for diffuse reflectance was defined as
the percent deviation of weighted photon visiting frequency (WVF) [33] in the tumor region to
that from the entire tissue region. The WVF refers to the number of times that photons visit a
region divided by the total attenuation coefficient at a given region [33]. The tumor contrast of
reflectance (TCR) was calculated based on Eq. (1).

TCR =
WVFtumor

WVFtumor +WVFnormal
(8)

The WVFtumor referred to the weighted photon visiting frequency in the tumor region, while
the WVFnormal referred to the weighted photon visiting frequency in the normal tissue region.
The tumor contrast for fluorescence (TCF) was calculated as the percent deviation for detected
fluorescence generated from the tumor region to the total detected fluorescence from the entire
tissue model, which was calculated based on Eq. (2).

TCF =
Ftumor

Ftumor + Fnormal
(9)

The Ftumor referred to the fiber-detected fluorescence signal contributed by the tumor region,
while the Fnormal referred to the fiber-detected fluorescence contributed by the normal tissue.
Generally, a higher tumor contrast refers to a higher tumor detection sensitivity. The interrogation
depth [34] was used to further quantify the optical tumor sense capabilities [35]. The diffuse
reflectance interrogation depth was obtained by examining the WVF distribution along the
Z-axis direction [33], and the fluorescence interrogation depth was acquired by examining the
function of surface-measured fluorescence with the occurring position along the Z-axis [23]. The
experimentally obtained diffuse reflectance and fluorescence spectra were used to characterize the
changes for either tumor contrasts or optical intensities for different optical configurations. The
phantom tumor contrasts for diffuse reflectance and fluorescence were defined as the percentage
ratios of optical signal changes caused by the presence of a tumor-like target. The signal changes
were calculated based on optical spectra measured on the phantoms with a tumor-like target and
on the phantoms without a tumor-like target (serves as control). The phantom tumor contrasts
(TCphantom) were calculated using Eq. (3).

TCphantom =
|Itumor − Icontrol |

Icontrol
(10)

where Itumor referred to either fluorescence or diffuse reflectance intensities measured on the
phantoms with a tumor-like target, while Icontrol referred to optical intensities (fluorescence
or diffuse reflectance) measured on the control phantoms that do not have a tumor-like target.
Diffuse reflectance intensities at 540-560 nm and fluorescence intensities at 580-600 nm were
used to calculate the tumor contrasts.
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3. Results

3.1. Effect of the focal depth of light beam in tissue and beam size on optical intensity
and tumor contrast for darkfield-based diffuse reflectance measurements

Figure 4 showed WVF distributions along the Z-axis, tumor contrasts, and intensities for dark
field diffuse reflectance measurements for the early-stage tumor models and small tumor models,
respectively. The WVF distributions could inform the optical interrogation depth that indicates
the optical sensing depth [35], and they could also support the tumor contrast changes where an
increased tumor contrast was reflected by an increased WVF in the tumor region and a decreased
WVF in the non-tumor region. For both tumor models, the WVF distributions showed that the
optical interrogation depth was increased when the light beam focal depth was increased. The
diffuse optical interrogation depth for early-stage tumors can reach up to ∼2 mm when the light
beam focal depth is equal to or larger than 3.0 mm as evidenced by the considerable WVF in the
depth range of ∼2 mm shown in Fig. 4(A) and (B). However, the interrogation depth for small
tumor models was ∼1.5 mm as shown in Fig. 4(E) and (F). Figures 4(C) and (G) showed that the
tumor contrast from diffuse reflectance was increased significantly when the light beam focal
depth was increased from 0.2 mm to 5 mm but with significant signal drops as shown in Fig. 4(D)
and (H) for both two tumor models. Generally, a larger ring beam size yielded increased tumor
contrasts. Consequently, a larger ring beam size led to decreased optical signals compared to a
smaller ring beam size.

Fig. 4. WVF for dark field diffuse reflectance measurements on early-stage tumor models
with a beam size of 6 mm (A) and 8 mm (B); Tumor contrasts (C) and diffuse reflectance
intensities (D) for simulations conducted on early-stage tumor models; WVF for dark field
diffuse reflectance measurements on small tumor models with a beam size of 6 mm (E)
and 8 mm (F); Tumor contrasts (G) and diffuse reflectance intensities (H) for simulations
conducted on small tumor models. The lens focal length was 20 mm. The stop size was
4 mm and 6 mm, respectively, when the beam size was 6 mm and 8 mm to generate ring
illumination beams. The iris size was the same as the stop size.

3.2. Effect of the lens numerical aperture on optical intensity and tumor probing
sensitivity for dark field-based diffuse reflectance measurements

Figure 5 showed tumor contrasts, reflectance intensities, and the representative WVF distributions
along the Z-axis direction for dark field diffuse reflectance measurements using four lenses with
different focal lengths (which lead to different numerical apertures) for both the early-stage tumor
models and small tumor models. Figures 5(A) and (D) showed that the optical tumor detection



Research Article Vol. 14, No. 10 / 1 Oct 2023 / Biomedical Optics Express 5428

sensitivity was increased significantly for all four lenses when the light beam focal depth was
increased from 0.2 mm to 5 mm, while the lens with a shorter focal length (with a larger numerical
aperture) always yielded better tumor contrasts. Figures 5(B) and (E) showed that the diffuse
reflectance intensities decreased significantly for all four lenses when the light beam focal depth
was increased from 0.2 mm to 5 mm. However, the optical signals were generally increased first
and then decreased when the lens focal length was increased from 20 mm to 50 mm. Figures 5(C)
and (F) showed the representative WVF distributions along the Z-axis direction for all four
different lenses at a fixed light beam focal depth of 4 mm. A decreased WVF in the non-tumor
region and an increased WVF in the tumor region for the lens with a shorter focal length as
shown in Fig. 5(C)- (F) explained their increased tumor contrasts shown in Fig. 5(A) and (D).

Fig. 5. Tumor contrasts (A), diffuse reflectance intensities (B), and the representative WVF
distributions (C) for simulations using four lenses with different focal lengths on early-stage
tumor models; Tumor contrasts (D), diffuse reflectance intensities (E), and the representative
WVF distributions for simulations using four lenses with different focal lengths on small
tumor models (F). The beam size was set to be 6 mm and the stop size was set to be 4 mm to
generate the ring illumination beams. The iris size was the same as the stop size.

3.3. Experimental validations for non-contact diffuse reflectance measurements

Figure 6(A) shows the representative diffuse reflectance spectra measured on liquid phantoms
with a tumor-like target using an imaging lens with a focal length of 25.4 mm. As expected,
diffuse reflectance intensities decreased when the depth of the light focal point was changed
from 0 (tissue surface) to 4.5 mm (below the cylindrical target). Figure 6(B) shows the tumor
contrasts for diffuse reflectance measurements using four lenses with different focal lengths on
the liquid phantoms. The tumor contrast changes showed that the tumor detection sensitivity
was increased significantly for the lens with a focal length of 25.4 mm when the light beam
focal depth was increased from 0 mm to 4.5 mm, while there were minimal increases in tumor
contrasts for the other three lenses. Generally, the lens with a shorter focal length has a better
tumor detection sensitivity compared to the lens with a longer focal length, which is consistent
with the simulation results shown in Fig. 5. Figure 6(C) shows the reflectance spectra measured
on six homogeneous phantoms with optical properties covering both normal and tumorous tissues
in mice subcutaneous tumor models [36]. As expected, the diffuse reflectance decreased with
increased absorption levels when the reduced scattering level was fixed for both high-scattering
and low-scattering phantoms, while the diffuse reflectance intensities at the scattering domain
(650-700 nm) were proportional to the reduced scattering levels when the absorption level is fixed.
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Figure 6(D) shows the corresponding diffuse reflectance spectra measured in one volunteer’s
fingertip, backside of finger, and fingernail site. The spectra showed that our system captured
that the tissues in three regions of one finger had different absorption levels (absorption band in
530-580 nm) and scattering levels (600-700 nm band) as expected. These spectra had significantly
different shapes, which suggested that these tissues have significantly different optical properties.
The spectral shapes in Fig. 6(C) and (D) demonstrated the feasibility of our non-contact diffuse
reflectance spectroscopy for future quantitative characterization of tissue vascular parameters.

Fig. 6. (A) Representative diffuse reflectance spectra measured on liquid phantoms with a
tumor-like target. The focal length of the lens next to the sample was 25.4 mm. The depth of
the light focal point was changed from zero (surface) to 4.5 mm. (B) Tumor contrasts for
different lenses (biconvex from Thorlabs) used next to the sample. The focal lengths of the
lenses were 25.4 mm, 30.0 mm, 40.0 mm, and 50.0 mm. (C) Diffuse reflectance spectra
measured on tissue-mimicking phantoms with optical properties covering both normal and
tumor tissues. (D) Diffuse reflectance spectra measured on one volunteer’s finger tissues.
The beam size was ∼ 8 mm, and the stop size was set to 6 mm to generate the ring illumination
beams. The iris size was set to 4 mm. The integration time for measurements was 25 ms.

3.4. Effect of the focal depth of light beam in tissue and beam size on optical intensity
and tumor probing sensitivity for non-contact fluorescence measurements

Figure 7 shows the simulation results for white-field full beam (two different beam sizes) focused
fluorescence measurements with different light beam focal depths on two different tumor models.
Similar to WVF in diffuse reflectance, the fluorescence frequency distributions could inform
the fluorescence occurring depths and support the fluorescence tumor contrast changes where
an increased tumor contrast originated from an increased fluorescence frequency in the tumor
region but a decreased fluorescence frequency in the non-tumor region.

For both two tumor models, the fluorescence signals contributed from non-tumor regions were
decreased when the focal depth was increased from 0.2 mm to 5 mm as shown in Fig. 7(A)-(B)
and Fig. 7(E)-(F). In contrast, the fluorescence signals originating from tumor regions were
generally increased when the focal depth was increased. The fluorescence signals-based tumor
contrasts in Fig. 7(C) showed that the fluorescence detection sensitivity of early-stage tumors
was increased significantly when the light beam focal depth was increased from 0.2 mm to 3.0
mm, and then slightly decreased when the light beam focal depth was increased from 3.0 mm to
5.0 mm. However, Fig. 7(G) showed that the fluorescence detection sensitivity of small tumors
was continuously increased when the light focal depth was increased from 0.2 mm to 5.0 mm.
Figures 7(D) and (H) showed that the fluorescence intensities decreased significantly when the
light beam focal depth was increased from 0.2 mm to 5 mm for both the two tumor models.
Generally, a larger illumination beam size yielded slightly increased tumor contrasts but slightly
decreased optical signals. The increased tumor contrast shown in Figs. 7(C) and (G) was reflected
by an increased fluorescence frequency in the tumor region and decreased fluorescence frequency
in the non-tumor region.
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Fig. 7. Fluorescence frequency on early-stage tumor models with a beam size of 6 mm (A)
and 8 mm (B); Tumor contrasts (C) and fluorescence intensities (D) for simulations conducted
on early-stage tumor models; Fluorescence frequency for fluorescence measurements on
small tumor models with a beam size of 6 mm (E) and 8 mm (F); Tumor contrasts (G)
and fluorescence intensities (H) for simulations conducted on early-stage tumor models.
White-field full beam focused illumination was used in all simulations, which was commonly
used in existing non-contact fluorescence spectroscopy. The lens focal length was fixed to
be 20 mm. Neither a stop nor an iris was used.

3.5. Effect of different illumination and collection configurations on optical intensity and
tumor probing sensitivity for non-contact fluorescence measurements

Figure 8 shows the comparisons between the white-field full beam focused and dark-field ring
beam focused non-contact fluorescence measurements on the two different tumor models. For both
two tumor models and two different optical configurations, the fluorescence signals contributed
from tumor regions were generally increased when the focal depth was increased, while the
fluorescence contributed from non-tumor regions were decreased consequently as shown in
Fig. 8(A)-(B) and Fig. 8(E)-(F). Figure 8(C) showed that the tumor contrasts for the early-stage
tumor models were increased significantly first and then decreased slightly when the focal depth
was increased from 0.2 mm to 5.0 mm for both the two different optical configurations. However,
the dark-field approach yielded the highest tumor contrast when the light beam was focused
inside the tumor region. Figure 8(G) showed that the tumor contrasts for the small tumor models
were always increased when the focal depth was increased for both the two different optical
configurations, while the dark-field approach always yielded increased tumor contrast compared
to the while-field approach at all different focal depths. Figures 8(D) and (H) showed that the
fluorescence intensities decreased significantly when the light focal depth was increased from 0.2
mm to 5 mm for both the two tumor models and the two optical configurations. Generally, the
dark-field technique yielded decreased fluorescence intensities compared to the traditionally used
white-field approach.

3.6. Effect of the lens numerical aperture on optical intensity and tumor probing
sensitivity and for non-contact fluorescence measurements

Figure 9 shows the performances of dark field-based fluorescence measurements using four lenses
with different focal lengths (which lead to different numerical apertures) for both the early-stage
tumor models and small tumor models. Figure 9(A) showed that the fluorescence tumor contrast
for early-stage tumors was increased significantly first and then decreased for all four different
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Fig. 8. Fluorescence frequency with dark-field beam focused illumination (A) and white-
field full beam focused illumination (B) on early-stage tumor models; Tumor contrasts (C)
and fluorescence intensities (D) for simulations using dark-field approach and white-field
approach conducted on early-stage tumor models; Fluorescence frequency with dark-field
beam focused illumination (E) and white-field full beam focused illumination (F) on small
tumor models; Tumor contrasts (G) and fluorescence intensities (H) for simulations using
dark-field approach and white-field approach conducted on small tumor models. The lens
focal length was fixed to be 20 mm. The beam size was fixed to be 6 mm. In dark-field
simulations, the stopper size was set to be 4 mm to generate the ring illumination beams, the
iris was set to be 4 mm. In white-field simulations, neither a stop nor an iris was used.

lenses when the light beam focal depth was increased from 0.2 mm to 5.0 mm. An optimal focal
depth of light beam exists for fluorescence measurements for all different lenses to provide the
best tumor detection sensitivity for the early-stage tumor models. Differently, Fig. 9(D) showed
the fluorescence detection sensitivity of small tumors was increased continuously for all four
lenses when the light beam focal depth was increased from 0.2 mm to 5.0 mm. For both the
two tumor models, the lens with a shorter focal length (which has a larger numerical aperture)
had better performance in terms of the tumor contrasts. Figures 9(B) and (E) showed that the
fluorescence intensities decreased significantly when the light beam focal depth was increased
from 0.2 mm to 5 mm for all four different lenses in both early-stage tumor models and small
tumor models. However, the optical signals were generally increased when the lens focal length
was increased from 20 mm to 50 mm for a fixed light beam focal depth. Figures 9(C) and (F)
showed the fluorescence frequency distributions for all four different lenses at a fixed light beam
focal depth of 4 mm, which may explain their corresponding tumor contrasts and fluorescence
intensity changes.

3.7. Experimental validations for non-contact fluorescence measurements

Figure 10(A) shows the representative fluorescence spectra measured on liquid phantoms with a
tumor-like target using an imaging lens with a focal length of 25.4 mm. As expected, fluorescence
intensities increased first and then decreased when the depth of the light focal point was changed
from 0 (tissue surface above the target) to 4.0 mm (below the target). Figure 10(B) shows the
tumor contrasts for fluorescence measurements using four lenses with different focal lengths on
the liquid phantoms. The tumor contrasts were increased when the light beam focal depth was
increased from 0 mm to 4.5 mm for all four lenses, while the lens with a shorter focal length had
a higher tumor contrast compared to the lens with a longer focal length. Figure. 10(C) shows
dark field based fluorescence measurements provided increased tumor contrasts compared to
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Fig. 9. Tumor contrasts (A), fluorescence intensities (B), and the representative fluorescence
frequency distributions (C) for simulations using four lenses with different focal lengths
on early-stage tumor models; Tumor contrasts (D), fluorescence intensities (E), and the
representative fluorescence frequency distributions for simulations using four lenses with
different focal lengths on small tumor models (F). The beam size was set to be 6 mm and the
stop size was set to be 4 mm to generate the ring illumination beams. The iris size was the
same as the stop size.

Fig. 10. (A) Representative fluorescence spectra measured on liquid phantoms with a
tumor-like target. The focal length of the lens next to the sample was 25.4 mm. The depth
of the light focal point was changed from zero to 4.0 mm. (B) Tumor contrasts using
full-beam illumination based fluorescence measurements for different lenses (biconvex from
Thorlabs) used next to the sample. The focal lengths of the lenses were 25.4 mm, 30 mm, 40
mm, and 50 mm. (C) Dark-field illumination based fluorescence measurements provided
better tumor detection sensitivity compared to the full beam illumination based fluorescence
measurements. The beam size was ∼ 8 mm, and the stop size was set to 6 mm to generate the
ring illumination beams. No iris was used for fluorescence measurements. (D) Fluorescence
spectra were measured on liquid phantoms (10 cm−1 scattering) with probes at biologically
low concentrations. The integration time for all measurements was 50 ms.

full beam illumination based fluorescence measurements, it is also interesting to see that the
tumor contrasts increased faster using dark field compared to full beam illumination when the
focal point was increased from the tissue surface to a deeper region. The experimental results in
Fig. 10(B)-(C) are generally consistent with the simulation results shown in Fig. 9. Figure. 10(D)
shows the fluorescence spectra measured on liquid phantoms that reflect the sensitivity of the
optical device for quantifying the metabolic probe at biologically low concentrations. A linear
correlation between the peak fluorescence intensity and fluorophore concentration was observed
for the metabolic probe as expected (R2= 0.997, and p< 0.001). The fluorescence data measured
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on liquid phantoms with low concentrations demonstrated the feasibility of our non-contact
spectroscopy for future sensitive characterization of metabolic parameters.

4. Discussion

Diffuse reflectance spectroscopy has been well established to quantify tissue vascular parameters
[2], while fluorescence spectroscopy has been explored extensively to report cell metabolism
[4,5]. The combination of diffuse reflectance and fluorescence spectroscopy enables simultaneous
measurements of several key functional parameters on the same tissue site, which potentially
allows multi-dimensional metabolic analysis [8,9] of tumors that will provide more insights
into cancer biology. Fiber probes are commonly used in biomedical spectroscopy platforms
for optical measurements. However, the use of fiber probes in optical spectroscopy platforms
could bring several practical problems including significant analysis errors due to the inconsistent
probe sample contact and infection concerns. Moreover, it may be practically challenging to
design a proper probe for some cases such as oral cancer studies or very early-stage tumor
investigations [22]. To address these challenges, we first reported a novel Monte Carlo method
to simulate dark-field non-contact spectroscopy for both diffuse reflectance and fluorescence
measurements on murine subcutaneous tissue models with a spherical tumor-like target. We
then conducted numerical studies to identify the most tumor-sensitive configurations for such a
non-contact spectroscopy device. Relying on these findings, we developed and demonstrated a
compact non-contact spectroscopy platform to perform tumor-sensitive diffuse reflectance and
fluorescence measurements on tissue-mimicking phantoms.

Our simulations of dark field non-contact diffuse reflectance on two unique subcutaneous
tumor models showed that the illumination beam focal depth significantly affected the tumor
detection sensitivity. Our data showed that the tumor contrast was increased when the focal
depth was increased for both tumor models, which can be explained by diffusion theory. A larger
depth of the illumination beam focus would lead to a deeper sensing depth where the tumor was
located, which will monotonically increase the tumor contrast. The diffuse reflectance intensities
dropped significantly when the focal depth was increased, which is likely because of the two
following reasons: 1) the collected photons will be attenuated more when they travel deeper;
2) the increased contribution from tumor tissue attenuation could further lead to lower diffuse
reflectance intensities because of higher absorption and lower scattering of tumors used in our
simulations. We also found that the imaging lens with a shorter focal length always yielded better
tumor contrasts compared to the imaging lens with a longer focal length, which may be explained
by the numerical apertures of the illumination and collection beams. The imaging lens with a
shorter focal length had a larger numerical aperture compared to the lens with a longer focal
length. From the illumination perspective, a larger numerical aperture of a lens would allow to
form a smaller focal spot inside the tissue which will potentially allow more photons to interact
with the focal region, i.e., tumor target in this study. From the collection perspective, a larger
numerical aperture of a lens would provide a larger accept angle of the lens which will potentially
allow the system to collect more photons from the focal plane inside the tissue (i.e., tumor target
in this study). Altogether, the imaging lens with a shorter focal length would provide increased
tumor contrasts compared to the lens with a longer focal length because of its larger numerical
aperture. This numerical aperture explanation is further supported by the findings that the larger
illumination beam (8 mm) provided better tumor contrasts compared to the smaller illumination
(6 mm) for a given lens as shown in Fig. 5(C) and (G).

Our simulations of non-contact fluorescence measurements showed that the fluorescence
tumor contrasts changes in terms of light beam focal depth are different for the two unique
subcutaneous tumor models. Specifically, the fluorescence tumor contrasts for early-stage tumor
models (tumor diameter is 3 mm and depth is 0.2 mm) had a turning point that had the best
tumor detection sensitivity when the light beam focal depth was increased from 0.2 mm to 5
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mm. The phenomenon for early-stage tumor models could be explained by the fact that the
tiny tumor was in a very shallow region, a deeper light beam focal depth may potentially cause
more excitation lights to be delivered into the non-tumor tissue region. Different from diffuse
reflectance, the fluorescence was isotropic thus the configuration of using a deeper light beam
focal depth may also cause less fluorescence from the tumor region to be detected. In contrast,
the fluorescence tumor contrast for small tumor models (tumor diameter is 6 mm and depth
is 1 mm) was continuously increased when the light beam focal depth was increased. The
findings for small tumor models could be explained by the fact that the small tumor was in a
relatively deeper region thus the diffuse theory played a significant role in the excitation light
delivery, where a larger light focal depth could allow more excitation lights to be delivered to
the tumor region. Nevertheless, these results suggested that the thumb role for choosing the
light beam focal depth for non-contact spectroscopy measurements should be treated differently
for different tumor models, which can be easily obtained from Monte Carlo simulations. It is
interesting to see that the fluorescence frequency increased first and then decreased around the
tumor region for both two models as shown in Figs. 7(A) and (E). The small bump, which was
close to the tumor boundary, is likely because there was an increase first in fluorescence due to
the tumors having a higher fluorescence quantum yield compared to normal tissues. However, the
fluorescence around this region will start to drop with the depth due to the scattering effect on the
collected fluorescence. Similar to that seen in diffuse reflectance simulations, the imaging lens
with a shorter focal length always yielded better performance in our fluorescence simulations,
and the larger illumination beam provided better tumor contrasts, both can be explained by
the numerical apertures theory as discussed above. We are also interested in maximizing the
fluorescence tumor detection sensitivity, thereby we compared the white-field and dark-field
techniques for non-contact fluorescence measurements on the two different tumor models. Our
results showed that the dark-field technique provided significantly improved tumor detection
sensitivities compared to the white-field approach. This is likely because the dark-field technique
could minimize the chances for the excitation light to be delivered to the non-tumor region
above the tumors. However, it should be noted that the dark-field technique has one potential
drawback as the use of stop could block a significant excitation power from the light source.
A tradeoff needs to be made when one chooses to use the dark-field technique or full-beam
approach for fluorescence measurements. If the full-beam based fluorescence spectroscopy
cannot provide sufficient tumor detection sensitivity for relatively deeper tumor sensing, one
may want to employ the dark-field technique to increase the depth sensitivity of the system but
with special consideration in using a high-power illumination light source. Otherwise, the use of
the full-beam approach may be sufficient to provide tumor-sensitive measurements for certain
applications such as superficial tumor detection.

For early-stage tumor models, we noticed that both diffuse reflectance-based contrast and
fluorescence-based contrast reached a plateau when the focal depth was increased from the
surface to the depth just below the tumor target as seen in Fig. 4(C) and Fig. 7(C), respectively.
This interesting phenomenon is likely because the photons reached the tumor boundary when the
focal depth was set just below the tumor for early-stage tumor models. When the photons were
focused below the tumor boundary area, the photons that would interact with the tumor target will
not significantly increase or may potentially decrease which will lead to unchanged or decreased
tumor detection contrasts. To further test this hypothesis, we run additional simulations for the
small tumor model (diameter is 6 mm) with more focal depths that reach to tumor boundary. The
simulation results confirmed this hypothesis as shown in Fig. 11. Figure 11(A) showed that the
diffuse reflectance-based tumor contrast reached a plateau (for the illumination beam of 6 mm)
or decreased (for the illumination beam of 8 mm) when the depth focal was increased from the
surface to the tumor boundary. Figure 11(B) showed that the fluorescence-based tumor contrast
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reached a plateau for both the illumination beam sizes when the depth focal was increased from
the surface to the tumor boundary.

Fig. 11. (A) Diffuse reflectance-based tumor contrasts for simulations conducted on small
tumor models. The lens focal length was 20 mm. The stop size was 4 mm and 6 mm,
respectively, when the beam size was 6 mm and 8 mm to generate ring illumination beams.
The iris size was the same as the stop size. (B) Fluorescence-based tumor contrasts for
simulations conducted on small tumor models. White-field full beam focused illumination
was used in fluorescence simulations. The lens focal length was fixed to be 20 mm. Neither
a stop nor an iris was used.

Small tumors in mice with a diameter of ∼ 6 mm were commonly recommended for in vivo
tumor metabolism characterization in flank tumor models because these small tumors retain the
actual clinically relevant tumor micro-environment well [37]. Our small tumor models closely
mimic the flank small tumor models thereby our findings from this study could be directly
applied to future flank tumor model investigations. Comparing the WVF and fluorescence
frequency distributions, our studies showed that non-contact fluorescence is more sensitive
compared to non-contact diffuse reflectance for small tumor characterizations. However, both
diffuse reflectance and fluorescence provided decent tumor contrasts which suggested that our
non-contact approach could potentially help characterize small tumors in flank tumor models
using non-contact spectroscopy platforms. The early-stage tumor models in our simulations
can represent many types of tumor models such as orthotropic tongue cancer models where the
tongue tumor is around 3 mm with a depth of ∼0.2 mm. We were not able to use the actual
tongue tissue optical properties but subcutaneous tissue optical properties for our simulations
due to the limited database for tongue tissue optical properties, which will be explored in our
future studies. However, the general trends of tumor contrast changes, optical signal intensities
changes, WVF, and fluorescence frequency distributions in our early-stage tumor models should
not change significantly even the subcutaneous tissue instead of tongue tissue optical properties
were used. Therefore, our findings for the early-stage tumor models in this study could still
provide valuable guidelines for future tongue cancer model investigations. Our studies in the
early-stage tumor models showed the non-contact approach provided great diffuse reflectance
tumor contrast and very high fluorescence tumor contrasts, suggesting our approach has a high
sensitivity for early-stage tumor detection, therefore our non-contact approach can be helpful
in studying orthotropic tongue tumors in future to provide high detection sensitivity with the
additional benefit of no infection concerns.

Our phantom studies for non-contact diffuse reflectance spectroscopy showed that the lens
with a shorter focal length (a larger numerical aperture) has a better tumor detection sensitivity
compared to the lens with a longer focal length, which is consistent with the simulation results.
However, we found that the tumor detection sensitivity was increased significantly only for the
lens with a focal length of 25.4 mm but not for other lenses when the light beam focal depth was
increased from the tissue surface to the depth under the tumor-like target. The mismatch between
our experimental data in Fig. 6(B) and simulation results in Fig. 5(A) is likely because the white
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LED light is difficult to collimate and then focused on a small spot inside the tissue. Moreover,
the other imaging lenses with longer focal lengths could form a larger focal spot inside the tissue,
and this larger focal point inside the tissue may be no longer imaged back to the collection
fiber which may potentially lead to decreased performances in tumor detection compared to the
lens with a focal length of 25.4 mm. Our fluorescence phantom studies showed that the tumor
detection sensitivity was increased when the light beam focal depth was increased for all four
lenses, and the lens with a shorter focal length had a better tumor detection sensitivity compared
to the lens with a longer focal length. We also demonstrated that dark-field illumination based
fluorescence measurements have better tumor detection sensitivity compared to the full beam
illumination based fluorescence measurements but with a sacrifice of signal drop (almost by half,
data not shown). Overall, our experimental studies using the non-contact optical spectroscopy
for both diffuse reflectance and fluorescence measurements on tissue-mimicking solidified the
key findings obtained from our simulation studies. In our phantom experiments, one glass tube
was used to mimic a tumor-like target. The thickness of the glass tube wall is around 0.3 mm.
The glass tube wall thickness may affect the collected intensities from the phantoms, which may
consequently affect the absolute tumor contrast values. However, we believe the trends of tumor
contrast changes at different configurations should be still the same as those achieved with a glass
tumor with a thinner wall. Compared to the actual tumor contrast values, the trends of contrast
changes over different configurations will be more useful in terms of guiding system design and
optimization.

In our simulation studies, we simulated the homogenous tissue models with a buried tumor-like
spherical target, which will more realistically mimic murine subcutaneous tumors compared
to the commonly used layered tissue models. To validate our key simulation results in an
easy-to-achieve way, we created simple liquid phantoms with a buried cylindrical glass tube (to
mimic a tumor target) for phantom studies. As shown in our study, our simple glass tube based
phantom can still reasonably help us to solidify the key numerical findings and optimize the
system. To better maintain the consistency between the experimental and simulation studies,
we will create phantoms with a buried spherical tumor-like target in our future studies. In both
simulation and experimental studies, we observed that the lens with a shorter focal length has
a better tumor detection sensitivity compared to the lens with a longer focal length for both
diffuse reflectance and fluorescence measurements. This is likely because the lens with a shorter
focal length had a larger numerical aperture compared to the lens with a longer focal length. As
discussed above, a larger numerical aperture will potentially lead to increased tumor detection
sensitivity. There could be two potential approaches to achieve a larger numerical aperture for
the non-contact setup report in our study. One way is to use lenses with a fixed diameter, but
different focal lengths as reported in this manuscript. This is easy to achieve with minimal change
on the cage system and one does not need to adjust the initial illumination beam, however, one
may need to adjust the distance between the optical elements to ensure the best performance for a
new imaging lens. The other way is to use lenses with fixed focal lengths but different diameters.
This is feasible to achieve but one needs to adjust the initial illumination beam to increase the
numerical aperture of the illumination beams. The tradeoff will need to be made as needed to
facilitate the actual experimental requirements.

Our findings showed that one may need to handle the non-contact spectroscopy measurements
differently for the detection of superficial tumors and tumors that are in moderately deeper tissue.
For superficial tumor measurements, our simulation studies showed that both diffuse reflectance
based tumor contrast and fluorescence based contrast reached a plateau when the depth of the focal
spot was increased from the superficial layer to the tumor target. These findings suggested that
both diffuse reflectance and fluorescence non-contact spectroscopy could provide tumor-sensitive
measurements as long as the light focal spot reached the tumor center. For measurements on a
tumor that is in moderately deeper tissue, our data showed that both diffuse reflectance-based
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tumor contrast and fluorescence based contrast increased but did not reach a plateau when the
depth of the focal spot was increased from the superficial layer to the tumor target, and these
contrasts reached to a plateau when the focal depth went to the region below the tumor target as
shown in Fig. 11. Therefore, for deep tumor detection, one may want to focus the beam on the
bottom region of the tumor target to get the best tumor detection contrast if the optical signal
strength is not a concern. In general, one should use the imaging lens with a short focal length (or
large numerical aperture) for both superficial tumor and moderately deep tumor measurements as
the lens with a larger numerical aperture always provides better tumor detection contrast. In this
study, we explored the feasibility of non-contact optical spectroscopy for tumor-sensitive diffuse
reflectance and fluorescence measurements using tissue-mimicking phantoms. In our future
study, we will develop our techniques for the quantitative characterization of tumor metabolism
and vascular microenvironment on small animals in vivo. We will develop a look-up table-based
inversion platform for diffuse reflectance spectra data processing to extract vascular parameters,
and we will also implement our formerly reported ratio-metric methods [38] for the fluorescence
spectra process to provide precise estimates of metabolic parameters.

5. Conclusion

We reported a novel Monte Carlo method to simulate a dark-field non-contact spectroscopy
device for both diffuse reflectance and fluorescence measurements on murine subcutaneous
tissue models with a spherical tumor-like target. We then numerically investigated the effects
of different optical configurations on the diffuse reflectance and fluorescence measurements
on the realistic murine subcutaneous tumor models. Our simulation results showed that both
the depth of the light focal point and the lens numerical aperture would dramatically affect the
system’s tumor detection sensitivity. Relying on these findings, we developed and demonstrated
a compact non-contact spectroscopy device to perform tumor-sensitive diffuse reflectance and
fluorescence measurements on tissue-mimicking phantoms. Our Monte Carlo method can be a
useful computational tool for designing non-contact optical spectroscopy systems. Our darkfield
optical spectroscopy platform will potentially offer a new way for non-contact optical monitoring
of tumor metabolism and vascularization in vivo to advance cancer research.
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